In vivo endoscopic optical microscopy provides a tool to assess tissue architecture and morphology with contrast and resolution similar to that provided by standard histopathology -without need for physical tissue removal. In this article, we focus on optical imaging technologies that have the potential to dramatically improve the detection, prevention, and therapy of epithelial cancers. Epithelial pre-cancers and cancers are associated with a variety of morphologic, architectural, and molecular changes, which currently can be assessed only through invasive, painful biopsy. Optical imaging is ideally suited to detecting cancer-related alterations because it can detect biochemical and morphologic alterations with sub-cellular resolution throughout the entire epithelial thickness. Optical techniques can be implemented non-invasively, in real time, and at low cost to survey the tissue surface at risk. Our manuscript focuses primarily on modalities that currently are the most developed: reflectance confocal microscopy (RCM) and optical coherence tomography (OCT). However, recent advances in fluorescence-based endoscopic microscopy also are reviewed briefly. We discuss the basic principles of these emerging technologies and their current and potential applications in early cancer detection. We also present research activities focused on development of exogenous contrast agents that can enhance the morphological features important for cancer detection and that have the potential to allow vital molecular imaging of cancer-related biomarkers. In conclusion, we discuss future improvements to the technology needed to develop robust clinical devices.
Introduction
In the developed world, cancer is the second leading cause of death, exceeded only by heart disease. Despite major advances in cancer treatment, five-year survival rates have increased only moderately over the past 30 years for most cancers. As an example, overall five-year-survival rates for patients with advancedstage cancers of the oral cavity have remained at 30-40% at best. In addition, most oral cavity cancer patients present with tumors at advanced stages, when treatment is more difficult, more expensive, and less successful compared to earlier interventions. In all cancers, patients with early stage disease have significantly better chances for cure and less treatment-associated morbidity. Early detection of pre-neoplastic and neo-plastic changes may be our best method to improve patient quality of life and survival rates.
The majority of cancers originate in epithelial tissues and are preceded by curable pre-neoplastic lesions. However, early diagnosis of epithelial pre-cancers has eluded us for several possible reasons: (1) Inexperienced practitioners often fail to recognize the subtle clinical changes indicative of early neoplastic transformation; ( 2) It is difficult to distinguish pre-malignant lesions from more common benign inflammatory conditions in the general population; (3) Practitioners and patients often are reluctant to perform invasive biopsies or repeated biopsies of epithelial lesions where the expected yield is low; and (4) In high-risk patients, often the entire epithelium is potentially pre-malignant, making it difficult even for experienced clinicians to know when and where to biopsy. Thus, technological advancements that improve the ability of general practitioners to recognize and accurately diagnose precancerous lesions in epithelial tissue are desperately needed. In this article, we review new developments in optical endoscopic microscopy that have the potential to improve the detection of these lesions.
Epithelial pre-cancers and cancers are associated with a variety of morphologic and architectural alterations, including larger nuclear size, increased nuclear/cytoplasmic ratio, hyperchromasia and pleomorphism [1] . In current clinical practice, these changes can be assessed only through invasive, painful biopsy. Biopsies are fixed, sectioned, stained, and examined under light microscopy to assess the biochemical and architectural features associated with cancer and its precursors. This process is invasive, time consuming, and expensive. Currently, there are no good clinical tools to definitively diagnose pre-cancerous changes without biopsy and subsequent histologic analysis.
Recently, a number of promising new optical imaging technologies have emerged as potential tools for detecting pre-cancerous changes in vivo without the need for biopsy. Optical imaging is suited ideally to detecting cancer-related alterations, because it can non-invasively detect biochemical and morphologic alterations with sub-cellular resolution and in real-time throughout the entire epithelial thickness. Also, optical methods are especially suited to detecting epithelial disease because the penetration depth of light inside human tissue (about 1.5 mm) is sufficient to analyze the whole epithelial thickness. The low cost of building these systems and advances in optics miniaturization combine with these characteristics to make optical imaging an ideal candidate for endoscopic implementation.
In this article, we review recent developments in photonic technology that provide the ability to noninvasively image epithelial tissue with high spatial resolution in vivo. We focus on optical imaging technologies that have the potential to dramatically improve the detection, prevention, and therapy of epithelial cancers. The largest body of experimental data currently is available for reflectance confocal microscopy (RCM) and optical coherence tomography (OCT), which imagebackscattered light [2, 3] . Recently, microendoscopes for in vivo high resolution imaging have been developed for both RCM [4] and OCT [5] . Thus, our report is focused primarily on these two techniques. However, recent advances in development of fluorescence based endoscopic microscopy also are reviewed briefly. We begin by discussing the basic principles of these emerging technologies and their current and potential applications in early cancer detection in the skin, cervix, esophagus, and oral cavity. Limitations of these technologies naturally lead to consideration of current research in disease markers that can be assessed using optical methods. We give a brief description of cancerrelated biomarkers and describe intrinsic sources of contrast associated with these biomarkers. However, the intrinsic sources of contrast in human tissue usually provide signals with low intensity and very limited molecular-specific information. We describe research activities focused on development of exogenous contrast agents that can enhance the morphological features important for cancer detection and can enable imaging of cancer-related molecular alterations. We conclude by discussing future improvements needed to advance optical endoscopic microscopes to widespread clinical use for pre-cancer detection.
Basic principles of RCM and OCT
The gold standard for cancer detection in epithelial tissues is the histological analysis of nuclear features from excised and processed tissue. A non-invasive alternative is to image cells in vivo using reflected light from within the tissue. This approach is similar to histological analysis of biopsies with the added advantage that 3D sub-cellular resolution can be achieved in near real time without removal of tissue. Changes in the index of refraction provide contrast to recognize intracellular details. Detection of increased nuclear size, nuclear to cytoplasmic ratio, and nuclear texture using optical endoscopic microscopy has the potential to yield sufficient information to diagnose neoplasia in vivo without tissue removal in a manner similar to histology. RCM and OCT are two promising optical technologies to image these features in vivo. In the next section, we review the basic physical principles of these technologies.
In vivo reflectance confocal microscopy
2.1.1. Non-fiber-based reflectance confocal microscopy In concept, in vivo reflectance confocal imaging is similar to histologic analysis of biopsies, except that 3D sub-cellular resolution is achieved without removing tissue, and contrast is provided without stains. The optical sectioning principle of confocal imaging is illustrated in Fig. 1 . The illumination light (solid line) passes through a beam splitter and is focused by a lens to a point within the sample. Since tissue is highly scattering, some illumination light is reflected from all points illuminated and ordinarily would degrade image resolution. Light reflected from the focal region (solid line) is refocused by the lens and partially reflected by the beam splitter to a point at the conjugate image plane. If a small aperture is centered on the focused beam in the conjugate image plane, a majority of light returning from the focal region is passed to the detector. Light reflected from depths greater than the focus region (dashed line) is diverging and spread out when it reaches the pinhole, so the pinhole aperture significantly reduces its intensity, thereby increasing resolution. Similar rejection occurs for light coming from depths less than the focal region. Thus, the confocal system isolates light returning from a finite volume, without need for physical sectioning. Scanning the focal spot in the axial and radial dimensions forms an image of reflectance values from the focal region of each point in the sample. In epithelial tissue, resolution of 1 µm has been achieved with a 200-400 µm field of view and penetration depth up to 500 µm (Table 1) [3] .
Epithelial pre-cancers and cancers are associated with a variety of morphologic and architectural alterations, including increased nuclear size, increased nuclear/cytoplasmic ratio, hyperchromasia, and pleomorphism [1] . Figure 2 depicts the transition from normal epithelium to micro-invasive cancer. In the oral cavity, typical epithelial thicknesses range from 200-500 µm, and cell diameters range from 10-20 µm. Confocal imaging thus is suited ideally both from a resolution and penetration depth perspective to image the neoplastic transformation process in vivo. Figure 3 shows a comparison of confocal and histologic images of normal and neoplastic images of cervical tissue. These images illustrate the hallmark differences between normal epithelium and early neoplastic transformation and show the potential of this technology: histologic quality information can be obtained without the need for biopsy and expensive subsequent sample processing.
Fiber-based reflectance confocal microscopy
The application of confocal imaging to detection of pathology in epithelial tissues other than the skin has been limited by the difficulty in accessing these organ sites. A number of groups have attempted to develop flexible endoscopes to record confocal images in vivo based on single mode optical fibers. Approaches to fiber optic confocal imaging can be divided into two categories: (1) those based on a single optical fiber that is scanned to produce images, and (2) those based on bundles of single-mode optical fibers.
In the first approach, a single-mode optical fiber is used to deliver illumination light to the object to be imaged and to collect the resulting backscattered light from the illuminated focal volume. Relay optics are used to image the fiber face onto the object. The face of the fiber acts both as the emitting source and as a point detector so that confocal detection is obtained. When a single optical fiber is used, the illumination light must be scanned in two lateral directions to obtain en face images. Several approaches have been proposed to achieve this scanning, including moving the object to be imaged [6] , scanning a delivery and a collection fiber synchronously to achieve directly viewable images [7] , coupling the fiber to a reading head of a compact disc player and scanning the reading head [8] , using a grating to spectrally map a broadband light source from a fiber onto a line within the object [9] , or scanning the fiber and a small objective lens mounted on a cantilever scanner by electrostatic forces [10, 11] . The only images of biological samples reported by the above approaches are red blood cells atop glass slides [10, 11] , which increases the refractive index differences substantially (∆n ∼ 0.20) beyond what is available in vivo (∆n ∼ 0.07). The image acquisition time for the above approaches also is too slow (at least 0.5 second) to permit real-time imaging. Furthermore, these scanning mechanisms are difficult to miniaturize for endoscopic applications. Recent advances in micro-electromechanical systems (MEMS) have enabled miniaturization of the scanning mechanism and focusing optics, which also facilitates higher scan rates. Figure 4 (a) diagrams the light path in the scanning head of one such system [12] . The scanning head consists of two silicon-micromachined mirrors and a grating lens with overall dimensions of 6.5 mm × 2.5 mm × 1.2 mm. Figure 5 shows a scanning electron micrograph of the scanning mirror measuring 500 µm × 600 µm. An image of a chrome grating was acquired using a raster scan with a 20 Hz frame rate. The other technique, first proposed by Gmitro and Aziz [13] , uses a fiber optic bundle between the objective lens and the rest of the microscope to eliminate the need for miniaturization of the scanning mechanism. The fiber optic bundle consists of many smallcore diameter fibers. Confocal images can be obtained by scanning the illumination light across the proximal end of the bundle. An additional aperture placed at the conjugate image plane in front of the detector assures that only light from the source/detection fiber is coupled to the detector. Juskaitis et al. [14] developed a reflectance confocal microscope using a fiber optic bundle and a broadband light source. In this system, real-time images are obtained by using tandem scanning, but the sensitivity of this system is limited by the low efficiency of tandem scanning. In another approach, higher light efficiency has been achieved by point scanning with a laser source and two galvanometric scanning mirrors [15] (Fig. 4(b) ); reflectance confocal images of epithelial cells and tissue are obtained with a resolution similar to those of non-fiber confocal systems. In this approach, the required speed of a fast line scan for real-time imaging can be attained only by resonant galvanometers, which produce image distortion because of the sinusoidal movement. One alterna- tive approach has been presented to remove the use of fast-line scans by scanning a line illumination pattern across the proximal end of an incoherent fiber bundle, which transforms the line to a random set of spots at the distal end of the bundle [16] . Recently, an approach based on a digital micromirror device (DMD) was reported [17] . A DMD with high contrast, high pixel count, and fast response is used to discretely illuminate fiber cores in a coherent imaging bundle (Fig. 4(d) ). The confocality of this system is enhanced by precisely illuminating a single fiber in the bundle and effectively blocking unwanted light from surrounding fibers and cladding material.
Alternatively, fiber optic confocal microscopes can be constructed to measure fluorescent light generated in tissue. The principal components of fiber optic fluorescence confocal microscopes are similar to their reflectance counterparts except for one advantage: the Stokes shift between the excitation light and emitted fluorescence allows for simple rejection of the specular reflection from fiber end faces by filtering. One fluorescence confocal system with real-time endoscopic imaging capability has been constructed by scanning a line illumination across a coherent fiber bundle and using a slit aperture to reject out-of-focus light (Fig. 4(c) ) [18] .
Optical coherence tomography
OCT is another optical modality with the potential to image tissue with sub-cellular resolution ( Fig. 6 ) [19] . In OCT, a two-dimensional reflectance map of backscattered light is acquired in a manner analogous to B-mode ultrasound imaging. In ultrasound imaging, signal reflected from the depth of interest is selected based on the time delay between the incident and reflected signal. Because the speed of light is so great, it is difficult to measure time-of-flight information for light; instead, interferometric techniques are used to select the light reflected from the depth of interest. Figure 7 shows a block diagram of a basic OCT system [2] . Light from a near-infrared laser is split into a reference and sample arm by a Michelson interferometer (the 50/50 coupler in Fig. 7 ), which then recombines reflected light from the two arms into one signal. An interferometric signal is detected only when the reflections are nearly matched in optical pathlength [20] . The use of a broadband source with a correspondingly short coherence length causes the interferometric signal to fall off rapidly as the difference between the two-arm delays increases, providing strong rejection of out-of-focus light. If a low numerical aperture (NA) objective is used to focus light inside the tissue, the axial resolution of the system is independent of the focusing optics and strictly a function of the sourcecoherence length. When low NA optics are combined with a 1300-nm broadband source and heterodyne detection allowed by modulation of the reference arm's pathlength, OCT images can be obtained at depths of up to 2 mm [21] . In imaging of epithelial tissue, OCT typically provides approximately 3-35 µm lateral and 15-30 µm axial resolution, depending on the amount of focusing performed in the sample arm and the source used in the system (Table 1) [20] . This resolution is not always enough to see sub-cellular details. Several approaches to overcome this limitation are reviewed briefly in Section 3 of this article.
Scanning the reference arm of the interferometer yields the backscattered signal as a function of depth below the surface at one point on the tissue. Twodimensional OCT images perpendicular to the tissue surface can be constructed by obtaining multiple depth profiles, moving the optical beam laterally across the tissue surface between scans [2] to build two-dimensional images. In this case, an endoscope only has to scan one axis, instead of the two required for en face imaging as in RCM. Thus, OCT images have been obtained using fiber optic endoscopes from a number of internal organ sites. Both lateral- [22, 23] and rotary-scanning [24, 25] catheter-based probes have been used to image the gastrointestinal tract [26] [27] [28] , esophagus [29, 30] , proximal stomach [23] , and atrioventricular node [31] . A miniaturized, electromechanically lateral scanning OCT probe also has been combined with a gastroscope [32] and laparascope [33] to image mucous membranes of the esophagus, larynx, stomach, urinary bladder, uterine cervix, skin, and oral cavity [34] . Other probes have collected OCT images from the uterine cervix [35] , teeth [36] , and intravasular implants [37] .
Optical coherence microscopy
A technique that combines the advantages of RCM and OCT is optical coherence microscopy (OCM). OCM can yield the sub-cellular resolution typical of confocal microscopy, while maintaining the sensitivity and deep penetration depth of OCT. Figure 8 shows a block diagram of an OCM system [38] ; an optical coherence microscope is very similar to an OCT system, except that the sample arm comprises a confocal microscope with high NA optics and image scanning is performed en face (or parallel to the tissue surface). Many groups have built instruments with components of an OCM system. Bashkansky [39, 40] , Beaurepaire [41] , Podoleanu [42] [43] [44] [45] , and Xu [46] all have demonstrated OCT systems capable of producing en face images, but their systems use low NA optics in the sample arm. Beaurepaire has reported an en face imaging, high NA system, but did not use modulation to allow heterodyne detection [47] . Schmitt introduced a system with dynamic depth focusing and high NA optics, but the instrument was capable only of producing longitudinal scans [48] . Izatt's group was the first to describe an OCM encompassing all of the traits listed above [38, 49] (Fig. 8) , with an improved, faster system discussed in [50] . His work was followed by Hoeling, who developed another fully capable OCM used to image embryos [51] and plant cells [52] . While all of these systems are tabletop versions without endoscopic capability, this technique has the promise to resolve both confocal penetration depth and OCT resolution issues currently limiting the techniques' ability to detect cancer. Current OCM systems provide lateral and axial resolution of 2 µm and 10 µm [49] that compares favorably with RCM and is a significant improvement over a typical OCT system (Table 1) .
Current and potential applications of the technology in early cancer detection
RCM and OCT provide the ability to image tissue morphology and architecture non-invasively. A num- ber of pre-clinical and clinical trials have been carried out to assess their ability to image the characteristic features of pre-neoplastic and neoplastic lesions. The results of these trials and the current limitations of these technologies are reviewed in the next section.
Confocal microscopy
To date, RCM has been used to image cellular and sub-cellular features of pre-cancerous and cancerous lesions in the human skin [3, 53] , oral cavity [54] , cervix [55] , and esophagus [56] (Fig. 9) . In skin [3, 53, [57] [58] [59] , confocal imaging can provide detailed images of cell morphology and tissue architecture throughout the entire epithelium, as well as image sub-epithelial blood flow in capillaries. In skin, cytoplasmic melanin granules provide strong contrast because they increase backscattering by virtue of melanin's high index of refraction (n = 1.7) compared to cytoplasm (n = 1.37) [3] . Thus, confocal images of skin show bright cells with dark nuclei [3, 60] . Quantitative analysis of cellular and morphologic features (e.g.. nuclear diameter and nuclear to cytoplasm [N/C] ratio) shows good agreement with histology [53] , suggesting that confocal microscopy can identify pathology noninvasively in vivo. A number of pathologic skin conditions have been investigated using confocal microscopy including allergic contact dermatitis [60] , actinic keratoses [61] , onychomycosis [62] , psoriasis [63] , DarierWhite's disease [64] , sebaceous hyperplasia [65, 66] , cherry angioma [67] , and folliculitis [68] . Recently, confocal imaging has been used to image neoplastic skin lesions [69, 70] . Confocal images identified intraepidermal melanoma and benign skin based on a loss of the honeycomb pattern of keratinocytes and architectural disarray [69] . In a second study [70] , benign melanocytic lesions showed nests of uniformly circular cells, while confocal images of melanomas showed atypical cells in architectural disarray [70] . Confocal images also have been obtained from amelanotic epithelial tissues such as the GI tract [56] , cervix [57] , and lip and tongue [71, 54] . In contrast to skin, confocal images of amelanotic epithelium show backscattering from cell nuclei and from borders between cells [56, 71] . In a study of the esophagus [56] , nuclear to cytoplasmic ratios were extracted from confocal images of normal esophagus and esophageal cancer; differences were statistically significant and could be used to identify cancer with a diagnostic accuracy of 90% [56] .
In cervical tissue, acetic acid has been used as a non-specific contrast agent to aid in visualizing nuclei. Acetic acid increases nuclear backscattering throughout the epithelium, resulting in confocal images that show bright nuclei and dark cytoplasm. In a pilot study, we obtained confocal images from 25 paired colposcopically normal and abnormal biopsies. Figure 10 shows typical confocal images of normal and pre-cancerous cervical tissue. Confocal images of precancerous cervical tissue show increased numbers of nuclei per unit area and increased nuclear to cytoplasmic ratios. Features of the confocal images agree well with corresponding morphometric features of histologic images from the same biopsies [72] . Quantitative measurements of the nuclear to cytoplasmic ratio can be extracted from the confocal images and can identify high-grade dysplasia with a sensitivity of 100% and a specificity of 91% relative to histopathologic diagnosis.
Fiber optic confocal microscopes have been developed with lateral and axial resolution similar to the nonfiber optic systems described above. As an example, we developed a fiber optic confocal reflectance microscope and have used this system to image cervical tissue with sufficient resolution and acquisition speed for use in the clinical setting [15] . The first prototype of the microscope had a standard 40X microscope objective and was approximately 2.5 cm in diameter. Images of colposcopically normal and abnormal cervical biopsies are shown in Figs 11(a) and (b) , respectively [15] . The images show similar detail as obtained with the nonfiber confocal system (Fig. 10) . This system recently was modified to include a miniature objective lens for use in the cervix and oral cavity (Fig. 12) [15] . Confocal images of human lip (Fig. 13) and cervix have been acquired in vivo with acetic acid solution as a contrast agent. The modified system currently is being used in an in vivo pilot study on the cervix.
The confocal microscopes described thus far have imaged light reflected from tissue. Alternatively, confocal microscopes can image fluorescence light generated within a tissue [13, 17, 18, [73] [74] [75] . The Stokes shift Fig. 10 . Confocal images of ex vivo cervical tissue using a non-fiber based system. Nuclei can be visualized easily (arrow). Difference in nuclear density and area are apparent between the normal (a) and high-grade dysplastic tissue (b). Changes in morphology also are apparent in the corresponding histologic sections (c, d). The scale bar is 50 µm for the confocal and 100 µm for histology [72] . between the excitation light and emitted fluorescence allows for simple rejection of the specular reflection produced at the faces of the fiber bundle. Gmitro reported a design based on a coherent fiber bundle [13] , while Delaney reported an approach based on a single optical fiber [74] . Fluorescence images of biological samples show high spatial resolution (lateral resolution ∼3 µm, axial resolution ∼15 µm) ( Table 1) ,and include a Feulgen-stained onion root tip [74] , cultured PC3 cells [18] , and human prostate [18] and rat colon [75] cells stained with vital fluorescent dyes. Recently, autofluorescence of lung tissue has been reported using a confocal fiber bundle addressed with a DMD [17] .
Optical coherence tomography
Current OCT systems that have been tested clinically do not provide images with the sub-cellular resolution characteristic of reflectance confocal microscopy. However, endoscopic OCT images illustrate architectural differences associated with the epithelial and stromal layers as pre-cancers and cancers develop. In normal tissue, a clear distinction between the backscattering of the epithelium and stroma is evident in OCT images, and this distinction is reduced in OCT images of pre-cancerous and cancerous tissues of the larynx, uterine cervix, colon, urinary bladder [23, 27, 32, 76] and esophagus (Fig. 14) [29,30 ].
Limitations of the technology
Potential clinical applications of RCM and OCT are limited by fundamental principles of light interactions with turbid human tissue and by the current level of technology development. Here, we briefly discuss both of these limitations, their implications in the case of high-resolution imaging of epithelial tissue, and research activities focused on overcoming the limits of RCM and OCT.
Confocal reflectance microscopy
Confocal reflectance images with sub-cellular resolution can be obtained up to 500 µm deep within the human tissue; this is sufficient to image throughout the entire epithelial thickness in most of the tissues. For example, high-resolution confocal reflectance images have been reported from depths of up to 350 µm in human skin [3] and 450 µm in the oral mucosa [54] . However, the penetration depth of RCM is limited by two major factors: signal-to-noise ratio and background due to out-of-focus scattering. These factors have been examined extensively [48, [77] [78] [79] [80] [81] . Izatt used single backscatter theory to estimate that penetration depth is limited by the signal-to-background (S/B) ratio to 5-8 optical depths (OD), where optical depth is equal to the total attenuation coefficient, µ t , times the depth in the tissue [48] . When multiple scattering due to deep penetration into tissue was taken into account, Schmitt found that this limit is limited by the signal- to-noise ratio (SNR) and falls to 3-4 ODs [78] . While Schmitt's studies were performed using large normalized pinholes of 8 to 17 optical units (o.u.), his results were confirmed by Smithpeter, who used experimental results to show that when a confocal system approaches ideal confocal resolution (normalized pinhole size 3 o.u.), penetration depth is limited to 3-4 ODs for a 0.05 index mismatch [81] .
The miniaturization of confocal microscopes needed for endoscopic applications imposes additional challenges that limit current clinical applications of RCM. The main limitation in development of fiber-based confocal systems is strong specular reflection, which is generated at the proximal and distal surfaces of optical fibers. This reflection can exceed the intensity of light backscattered from the tissue by several orders of magnitude. A number of solutions have been proposed to address this problem, including index matching with immersion oil [15] , angle-polishing the fiber faces [11, 12] , and anti-reflection coating of the fiber faces.
There also are specific problems associated with the development of confocal endoscopic microscopes based on single-fiber probe and fiber bundle approaches. The major problem in designing single-fiber endoscopes is the complexity of miniaturizing the scanning mechanism and objective lens at the distal end. Recently, one system based on the MEMS approach was reported with resolution, dimensions, and acquisition speed required for in vivo imaging; however, the sensitivity of the system was not enough to detect reflected light from refractive index mismatches characteristic of soft tissues such as epithelium [12] . The insufficient throughput can be attributed to low efficiency of the objective lens and mirrors and coupling loss of the fiber.
For the fiber bundle approach, the lateral resolution of the system is limited by the sampling pitch in the bundle, which is determined by the distance between neighboring fibers and magnification of the objective lens. Increasing the magnification of the objective lens can enhance the lateral resolution but also increases the complexity of designing the objective lens. The spatial resolution also can be enhanced by using fiber bundles with smaller fiber separations; however, coupling loss at the fibers increases if the fiber diameter is smaller than the illumination spot. Moreover, when the size of the fibers decreases, the illumination light might be coupled into multiple fibers, which lessens the optical sectioning ability of the confocal microscope.
Optical coherence tomography and optical coherence microscopy
While the increased penetration depth of OCT is useful clinically, the most significant drawback to OCT is that, while its resolution is sufficient for macroscopic imaging of tissue, it is not able to resolve sub-cellular detail. Efforts to increase the resolution of OCT currently are focused in two general areas: (1) improving axial resolution without affecting the long depth of focus needed for deep penetration depths, and (2) increasing both the lateral and axial resolution through higher NA optics. Attempts to improve axial resolution have concentrated primarily on decreasing the source coherence length. A system using a Kerr-lens mode-locked femtosecond Ti:sapphire laser provided ∼1 µm axial resolution in tissue (Table 1) [19] , but its expense is prohibitive for clinical applications. Other authors have synthesized broadband sources with short coherence lengths by combining two or three superluminescent diodes [48, [82] [83] [84] , resulting in resolutions from 4-8 µm in tissue. Other non-typical sources proposed for use with OCT systems have included continuum generation in an air-silica microstructure fiber (∼2 µm in tissue) [85] and a tungsten halogen lamp with a coherence length in the 1 µm range [86] . In addition to improving the sources used for OCT, resolution has been improved through deconvolution techniques [87, 88] . Another area of research that shows great promise in improving the resolution of OCT is through increasing the focusing power of the sample arm objective. Since increasing the numerical aperture of the objective also decreases its depth of focus, many systems have incorporated dynamic focus mechanisms either by adjusting pathlength within the reference arm while scanning [48, 89] , dynamically shifting the focus through the sample [90] , or using zone-focusing and image fusion techniques [19] .
Research into OCM is still in its early stages, but the technique promises to overcome many of the limitations of confocal microscopy and OCT, such as penetration depth or resolution. The primary problems associated with OCM are the overall system complexity needed to incorporate all components, especially complicating its use in endoscopic applications. Since en face imaging is used, an endoscope must perform the two-dimensional scanning that has slowed confocal endoscopic development. In addition, path lengths between the reference and sample arms must remain matched (to within the source coherence length) as the systems scan more deeply into tissue.
An important problem facing all methods of optical imaging of epithelium is the limited sources of native contrast in the tissue. For example, refractive index differences in human epithelium are only 0.05. Detection of these weak sources of signal is challenging. On the other hand, neoplastic progression is characterized by changes in tissue morphology and by molecularspecific alterations. For cancer screening, detection, and prognosis, it is imperative to develop approaches sensitive to these cancer-specific markers. In the next section, we briefly summarize the major hallmarks of cancer progression and discuss how these features can be visualized and enhanced in optical imaging. First, we describe native sources of contrast in tissues containing epithelium that are sensitive to carcinogenesis. Then, we discuss research activities focused on development of exogenous contrast agents that increase the intrinsic contrast or provide new sources of contrast in human tissue. The contrast agents can be divided broadly into two categories: those that enhance the morphological features important for cancer detection and characterization, and molecular-specific contrast agents that enable high-contrast vital imaging of cancer-related molecular alterations.
Current research in disease markers
Cancer progression is associated with specific changes in the cellular phenotype. These changes, or cancer-related biomarkers, can be divided into several categories, including cyto-and histologic markers, and markers that indicate altered proliferation, regulation, differentiation, and genomic instability. Cytologic and histopathologic markers include nuclear features, nucleolar features, and tissue architecture [91, 92] . Nuclear features of interest include grade, shape, area, optical density, texture, nuclear pleomorphism, and ploidy. Tissue architectural measurements exploit the finding that disordered nuclei are crowded and irregular. Proliferation, regulation, and differentiation biomarkers are manifested in changes of expression profiles of a number of biomolecules, such as epidermal growth factor receptor (EGFR), proliferating cell nuclear antigen (PCNA), and cytokeratins. It has been recognized that the quantitative detection of biomarkers is a very essential element in grading and the prediction of the evolution of a particular lesion [93, 94] . It also has been suggested that the biomarkers can provide essential endpoints in direction and monitoring of clinical chemoprevention trials [93] .
In the first part of this section, we describe how native sources of contrast inherent for reflectance and fluorescence imaging in epithelial tissue can be used to provide information on cytologic and histopathologic cancer-related biomarkes in vivo. Then, we present exogenous contrast agents that allow us to enhance the native sources of contrast. We also describe approaches to developing molecular-specific contrast agents for vital imaging of biomolecular signatures of cancer.
Native sources of contrast
In reflectance-based optical imaging techniques, the signals obtained are modulated by the scattering properties of tissue being imaged. Light-scattering properties in the epithelium are determined by cellular morphology and refractive index variations in the cells. Confocal microscopy and OCT are sensitive especially to factors that affect high-angle scattering, since these imaging techniques basically provide a map of backscattered light.
The most significant differences between dysplastic epithelial cells relative to normal cells include increased nuclear size, asymmetric nuclear shape, and increased DNA content. Dysplastic nuclei also are hyperchromatic -and the chromatin is irregularly distributed -with areas of coarse clumping and condensation, whereas other areas show chromatin clearing [95] [96] [97] . Dysplastic changes alter the refractive index profile and the scattering properties of nuclei and, thus, provide a natural contrast mechanism for differentiating between normal and dysplastic tissue. Imaging techniques with sub-cellular resolution, such as confocal microscopy and, potentially, OCT, offer the capability of probing the changes in the scattering properties that occur with dysplasia.
To facilitate interpretation of images obtained using scattering-based optical diagnostic techniques, a quantitative understanding of the relationship between dysplastic changes in the nuclei and light scattering is needed. The Finite-Difference Time-Domain (FDTD) method [98, 99] can be used to solve numerically for the scattered electromagnetic field of arbitrarily inhomogeneous structures and, thus, provides a simulation scheme to analyze how the light-scattering properties are influenced by nuclear morphology, DNA content, and chromatin texture. This method recently has been used to investigate changes in the nuclear-scattering properties that occur with progression of cervical intraepithelial neoplasia (CIN) [100, 101] . These studies use quantitative histopathologic images of FeulgenThionin stained cervical cell nuclei for incorporation into FDTD modeling. The Feulgen-Thionin stain is stoichiometric for DNA [102] ; therefore, the images highlight changes in nuclear morphology, DNA content, and chromatin distribution. Results of FDTD simulations show that the changes associated with dysplasia lead to variations in angular distribution of scattered light and to enhanced scattering intensity in both the forward and backward direction. Figure 15 shows representative images of nuclei from tissue with different stages of CIN. The figure also shows nuclear scattering cross-sections computed through FDTD simulations performed at a wavelength of 900 nm [100] . The nuclear images in the figure illustrate progressive changes associated with CIN, and the corresponding increase in the scattering cross-sections indicate elevated scattering. Elevation in scattering from dysplastic cervical cell nuclei also has been observed in confocal images of cervical tissue [55, 72] . In these images, dysplastic nuclei appear brighter compared to normal nuclei, consistent with the FDTD modeling results.
In the case of fluorescence-imaging approaches, natural contrast can be determined by naturally occurring biological fluorophores: aromatic amino acids (tryptophan, tyrosine, and phenylalanine), reduced nicotinamide adenine dinucleotide (NADH), flavins, porphyrins, collagen, and elastin [103] . Fluorescence spectra measured from normal and dysplastic tissue show differences in autofluorescence patterns, but the biological basis of these differences still is under inves- tigation. A recent study [104] analyzing the autofluorescence images of fresh tissue sections of normal and dysplastic cervical tissue at excitation wavelengths of 380 nm and 460 nm demonstrated that, as dysplasia develops, fluorescence from the epithelium increases for 380 nm excitation, and fluorescence from the stroma significantly decreases for both 380 nm and 460 nm excitation. Assuming that NADH is the dominant epithelial fluorophore at 380 nm excitation, the increase in epithelial fluorescence from the epithelium can be attributed to increased cellular metabolism in dysplastic tissue. The main source of stromal fluorescence is collagen crosslinks [105] . It has been speculated that decrease in stromal fluorescence with progression of dysplasia is due to the breakdown of the collagen crosslinks [104] . Obviously, autofluorescence patterns of tissues can reveal important information about the biochemical progression of dysplasia, but a better understanding of how each different fluorophore affects the observed spectra needs to be established.
Contrast agents
Various exogenous contrast agents have been used to enhance the native contrast observed in tissue. Studies have employed these contrast agents to gain a greater understanding of physiological and molecular processes occurring within tissue, as well as to create more sensitive methods for detecting various biological abnormalities, such as pre-cancerous and cancerous lesions. Here, we concentrate on those agents that currently have the greatest potential for in vivo use in a clinical setting.
Reflectance-based contrast agents
Non-specific reflectance-based contrast agents include compounds that increase the native backscattering of the sample. Weak acetic acid has been studied as a contrast agent to increase the backscattered signal from nuclei in ex vivo human breast cancer cells [106] and cervical tissues [55, 107] . It is a common clinical contrast agent used to detect areas of cervical dysplasia in vivo due to the whitening effect it has on abnormal tissue areas [107] . Microbubbles have been used as a source of contrast in optical coherence tomography to distinguish the boundary between blood and vessel walls [108] . Gas-filled microbubbles are nonspecific compounds that travel through the circulatory system and provide strong optical contrast within the blood.
Absorption dyes (e.g., toluidine blue) that can significantly alter the scattering profile of epithelial tissue also are used to detect areas of dysplasia. Stud- ies of cervical and oral cavity tissue have shown that toluidine blue concentrates in areas of dysplasia due to the increased cellular membrane permeability [109] . In a study of oral cavity dysplasia, areas of carcinoma and carcinoma in situ retained a dark blue stain following an oral rinse with a 1% toluidine blue solution, thereby identifying the areas with the greatest pathological change [110] . The dye has provided improved sensitivity but a lack of specificity in cervical and oral cavity studies [109, 111] . In the oral cavity, sensitivities range between 84-100%, and specificities range between 44-100%, due to differences in methodology and sample type [111] .
Recently we developed molecular-specific contrast agents for vital reflectance imaging [112, 113] . The contrast agents are based on gold nanoparticles attached to probe molecules with high affinity for specific cellular biomarkers. Optical interrogation is based on the ability of the metal nanoparticles to scatter visible and near infrared (NIR) light resonantly; molecular specificity is determined by monoclonal antibodies. Gold bioconjugates provide, to our knowledge, the first molecular-specific source of contrast for reflectancebased imaging in living tissue.
Optical properties of silver and gold nanoparticles are determined by surface plasmon resonances in the metal particles that are extremely sensitive to such factors as a particle's size, shape, and aggregation state; dielectric properties of the surrounding medium; and adsorption of ions on the surface of the particles [114] . Harnessing the unique properties of the surface plasmon resonances has led to development of novel applications in biology and bioanalytical chemistry. Surface-enhanced Raman scattering (SERS) spectroscopy has been used to provide highly resolved vibrational information at the level of a single cell [115, 116] and a single molecule [117] . A highly selective colorimetric DNA probe technique, based on reversible assembly of oligonucleotide-capped gold colloid, showed a detection limit of about 10 femtomoles and sensitivity to a single base pair mismatch [118] . Gold nanoshell-polymer composites were proposed as a candidate for a photothermally triggered drug delivery system [119] . Aside from optically based applications, gold nanoparticles have been used extensively as molecular-specific stains in electron microscopy of cells and tissues [120, 121] . In this field, the fundamental principles of interactions between the gold particles and biomolecules, especially proteins, have been thoroughly studied. Recently, the ability of metal nanoparticles to scatter visible light resonantly was explored in darkfield optical microscopy to probe adenosine triphosphate (ATP)-dependent rotation of a single F1-ATPase enzyme [122] and to perform in situ hybridization [123] .
We developed bioconjugates of gold nanoparticles with anti-EGFR monoclonal antibodies to demonstrate molecular optical imaging in two biologically relevant samples: suspensions of epithelial cervical cancer cells (SiHa) and fresh tissue slices [104] . EGFR is a trans-membrane glycoprotein that is overexpressed in a vast majority of epithelial cancers [124] . Figure 16 shows SiHa cervical cancer cells labeled with gold particles/anti-EGFR monoclonal antibodies conjugates. The images were obtained using a reflectance confocal microscope with 800 nm laser excitation. Bright rings around the surface of the SiHa cells where the conjugates are bound can be seen clearly. No binding was observed with bovine serum albumin (BSA)/gold particles conjugates, and unlabeled cells could barely be resolved on dark background. The measurements were performed before and after washing the labeled cells from an excess of the conjugates in solution. No unbound single conjugates were visible in the sample either before or after washing. The conjugates are uniformly distributed on the surface of the cells.
It appears that conjugates closely spaced on the surface of epithelial cells scatter light more strongly than do isolated metal nanoparticles. This observation can be explained by the fact that interaction between closely spaced nanoparticles results in a red shift of their plasmon resonances as compared to the individual particles. The extinction of the assembly in the red optical region is significantly higher than the sum of the extinction of individual particles forming the assembly. Therefore, excitation and collection conditions potentially can be optimized to selectively detect closely spaced metal particles and their assemblies in the presence of the metal particles that are far apart. Application of this concept can allow additional increases in contrast between normal and cancerous epithelial cells because cancerous cells have significantly higher density of EGFR as compared to normal cells. The scattering of labeled SiHa cells is so strong that it can easily be observed using only a low magnification objective (10X or 20X) and a regular laser pointer as an illumination source [113] .
We extended our work using anti-EGFR gold nanoparticle conjugates to label organ cultures of normal and neoplastic cervical tissue. To prepare fresh tissue slices, cervical biopsies were obtained, with written consent, from women seen in the University of Texas M.D. Anderson Cancer Center Colposcopy Clinic. Biopsies were placed immediately in chilled culture medium and then embedded in agarose. A Krumdieck Tissue Slicer was used to obtain 200-micron thick fresh tissue slices, which can be maintained alive in culture for 7-10 days. Slices were incubated in a solution containing the contrast agent, washed, and then imaged with reflectance-based confocal microscopy.
The bright "honeycomb"-like structure of labeled cellular cytoplasm membranes of closely spaced cells can be seen easily in clinically abnormal samples of cervical biopsies obtained using a confocal reflectance microscope (Fig. 17(A) ). The labeling is much less pronounced in clinically normal samples. In fact, no labeling of the normal biopsy can be seen when the sample is imaged under the same acquisition conditions as the abnormal sample (Fig. 17(B) ). Anti-EGFR antibody/gold particle conjugates do not bind to the stromal layer of cervical biopsies.
Fluorescence-based contrast agents
Fluorescence-based contrast agents include compounds that affect endogenous fluorophores to increase the amount of autofluorescence as well as nonspecific dyes, target-specific conjugates, and fluorescent nanoparticles, which create artificial fluorescence signals in the sample. The most common compound used to increase the autofluorescence of tissue is 5-aminolevulinic acid (ALA). The presence of ALA increases the endogenous concentration of protoporphyrin IX (PP IX), a native fluorescent porphyrin. PP IX excites in the blue region (450 nm) and emits in the red region (620 nm). In the presence of ALA, increased PP IX fluorescence has led to increased detection of dysplasia in ex vivo tissue from Barrett's esophagus and human urinary bladder tumors [109, 125] .
The cyanine dyes are another class of non-specific fluorescent dyes. These dyes are popular because it is possible to create derivatives from the dyes that have absorption and fluorescence peaks throughout the visible and near-infrared regions [109] . Indocyanine green (ICG) is a near-infrared fluorescent dye. It has been used to study retinal and chorodial circulation for more than 30 years [109, 126, 127] and recently has shown, in both animal and human studies, distinct perfusion in areas of dysplastic tissue due to the greater extravasation of the dye through leaky vasculature and rapid uptake by dysplastic tissue [128] .
In the case of dysplastic tissue, localization of these dyes is mediated mainly by the leaky tumor vascula-ture. This makes it difficult to distinguish between areas of inflammation and injury and areas of benign and malignant tumor progression. Therefore, to increase tumor specificity for dysplastic tissue and molecular specificity in general, dyes have been conjugated to biomolecules that target unique factors in various disease states [109, 128, 129] . Target-specific conjugates combine a fluorescent molecule with a specific marker, such as an antibody or peptide, to yield molecular specificity in optical detection. Since cancers over-express certain receptors, a number of studies have concentrated on the conjugation of a fluorescent molecule to an antibody for a particular over-expressed receptor. To target human gastric cancer, for example, Ito et al. conjugated a mouse anti-human carcinoembryonic (CEA) antibody to indocyanine green Nhydroxysulfosuccinimide ester (ICG-sulfo-OSu). Using fluorescence spectroscopy with an endoscope, the investigators were able to define regions of dysplasia in biopsy specimens from the stomach [130] .
Some in vivo studies have shown, however, that large biomolecules such as antibodies circulate through the blood for prolonged periods of time, delaying visualization of the target tissue and triggering immune responses [131, 132] . Therefore, some laboratories instead are connecting fluorescent molecules to small bioactive molecules, such as peptides, creating dyepeptide conjugates that are receptor specific [131] [132] [133] . A near-infrared dye-peptide conjugate has been created to target certain over-expressed tumor receptors in established rat tumor lines. Using a simple imaging system, Achilefu and colleagues found high uptake of the conjugates by the target tumors, showing successful tumor-specific targeting with the dyepeptide conjugate [131] [132] [133] . Tung et al. used a near-infrared dye-peptide conjugate to successfully target, in vivo, the folate receptor of ovarian cancer induced in nude mice [134] , and Becker et al. used a near-infrared cyanine dye-peptide conjugate to specifically target RIN38/SSTR2 tumor cells in nude mouse xenografts [135] .
Target-specific conjugates also include various nanoparticles, such as luminescent nanoparticles and quantum dots. The luminescent nanoparticles are non-toxic and biocompatible luminescent materials for cell staining and visualization. Santra et al. recently created a luminophore-doped silica nanoparticle attached to an antibody for leukemia-cell recognition that excites at 458 nm and fluoresces at 594 nm. These particles have shown high sensitivity labeling in human cell suspensions [136] .
Research on development of cancer-specific contrast agents still is in its early stages. Recent results, however, demonstrated the potential of the contrast agents to improve dramatically the sensitivity and selectivity of cancer detection, characterization, and monitoring. Contrast agents provide strong sources of signal that allow high-resolution micro-anatomic optical imaging of human tissue. Further development of molecularspecific contrast agents will allow visualization of the three-dimensional distribution of cancer-related molecular alterations in situ; this will be an invaluable asset in cancer monitoring, prognosis, and chemoprevention trials. Presently, only simple contrast agents that lack molecular specificity are used in clinical practice (e.g., acetic acid). Recent US Food and Drug Administration approvals of monoclonal antibodies for targeted therapeutic applications [137, 138] , however, open new opportunities for clinical evaluation of molecular-specific contrast agents for high-resolution molecular imaging of cancers.
Future improvements
In vivo endoscopic optical microscopy provides a tool to assess tissue architecture and morphology with contrast and resolution similar to that provided by standard histopathology -without need for biopsy. As such, this emerging technology has the potential to improve dramatically the specificity of detection methods for early neoplastic lesions. Furthermore, in vivo high-resolution imaging has the potential to improve assessment of tumor margins and determination of response to chemotherapy or chemoprevention by providing quantitative architectural and morphologic images of a large number of sites throughout the organ surface area, without need for extensive tissue removal. Because optical images can be recorded remotely -in near real time without need for tissue removal -and image analysis can be automated, we believe that optical endoscopic imaging affords many important advantages over traditional techniques, including the potential to: (1) reduce the need for clinical expertise and reduce the number of unnecessary biopsies; (2) maximize the efficacy and reduce the morbidity of surgical treatment; (3) quickly assess whether a tumor is responding to a less morbid treatment such as chemotherapy; and (4) aid in the evaluation of chemopreventive agents. Current systems to record reflected light images in vivo have some important limitations, however. In general, small, flexible fiber optic devices with the necessary resolution and sensitivity to measure reflectance images of tissue are not available and have not been tested rigorously in clinical trials.
Specifically, for the distal scanning endoscope, bundles with fibers packed more closely are needed to reduce the effects of pixelation in confocal reflectance images. Also, miniature objectives are expensive to produce and assemble. Cost-effective methods for manufacturing larger quantities of miniature objectives are desirable to facilitate conducting clinical trials with various markers and development of commercial instruments. MEMS-based approaches for endoscopic confocal imaging show promise, but the feasibility of applying this approach to biological samples needs to be investigated.
While sub-cellular resolution has been demonstrated with tabletop OCT systems using expensive modelocked femtosecond lasers, resolution for endoscopic OCT systems continues to lag in this area, achieving axial and lateral resolutions of approximately 10 µm and 30 µm, respectively [139] . Sources that combine the broad bandwidths and higher power of the specialized lasers with the lower priced, high reliability, and compact packaging needed for viable clinical systems are required. Also, research should continue to investigate improving lateral resolution either through dynamic focusing techniques or OCM. Feasibility studies, both in vitro and in vivo using an endoscope, should be performed to investigate whether OCM's performance benefits for imaging tissue will outweigh the increased complexity of the systems.
Another rapidly progressing area is the expansion of additional imaging modalities derived from the basic OCT system. The wealth of information in the interferometric signal that forms the basis of OCT makes polarization-sensitive, color Doppler, and spectroscopic versions possible. These modalities are capable of providing information on the change in cartilage due to osteoarthritis [140] , blood flow in port wine stains during laser therapy [141] , and increased contrast and differentiation over standard OCT images [30] .
Development of molecular-specific contrast agents can give the reflectance vital optical microscopies the same impetus as fluorescent labels did for fluorescenceimaging modalities. The reflectance-based contrast agents can dramatically improve visualization of subcellular details in many tissue types deeper within the epithelium and enable molecular imaging of tissue pathology.
